For an example of a silicon-based micromachined analyzer, we describe a combined AD2, Ft02, and pH sensor designed for extracorporeal blood gas monitoring. The clinicallywell-accepted amperometric (ADa)and potentlometric (O2, pH) sensing principlesare used, realized in a planar and miniaturized form on a single silicon chip (6 x 22 mm). The transducer part of the chip is fabricated by standard silicon technology. Polyacrylamide and polysiloxane polymeric layers, which are used as internal electrolyte and gas-permeable membrane, respectively, are deposited and patterned by photopolymerization. The entire sensor is fabricated on the wafer level by using integrated-circuit-compatible processes, thus allowing mass production. By integrating a flow-through channel directly on the chip, the sample size and the reagent consumption are substantially reduced. The device was characterized in aqueous solutions and in blood intended for transfusion. The sensor has a typical sensitivity of 0.36 nA/ mmHg (RD), -39 mV/decade (ADo2),and 51 mV/pH (pH); low drift; and a functional lifetime of >2 months. The analytical precision in the physiologically expected range is better than 2 mmHg for the AD2 and ADO2 sensor, and 0.02 pH unit for the pH sensor. and ionselective sensors (4), the other integrating micropumps with an optical detection system for phosphate (5). Here we describe a blood gas sensor for P02, PC02, and pH, which is designed for use in a small hand-held or bedside instrument suitable for the clinical monitoring of small blood samples.
For an example of a silicon-based micromachined analyzer, we describe a combined AD2, Ft02 , and pH sensor designed for extracorporeal blood gas monitoring. The clinicallywell-accepted amperometric (ADa)and potentlometric (O2, pH) sensing principlesare used, realized in a planar and miniaturized form on a single silicon chip (6 x 22 mm). The transducer part of the chip is fabricated by standard silicon technology. Polyacrylamide and polysiloxane polymeric layers, which are used as internal electrolyte and gas-permeable membrane, respectively, are deposited and patterned by photopolymerization. The entire sensor is fabricated on the wafer level by using integrated-circuit-compatible processes, thus allowing mass production. By integrating a flow-through channel directly on the chip, the sample size and the reagent consumption are substantially reduced. The device was characterized in aqueous solutions and in blood intended for transfusion. The sensor has a typical sensitivity of 0.36 nA/ mmHg (RD), -39 mV/decade (ADo2),and 51 mV/pH (pH); low drift; and a functional lifetime of >2 months. The analytical precision in the physiologically expected range is better than 2 mmHg for the AD2 and ADO2 sensor, and 0.02 pH unit for the pH sensor. 
Sensor Chip Design
The sensor device, 22 x 6 mm, includes a flowthrough channel, defined by a polymeric ring, directly on the chip (Fig. 1) . The channel, which is 18 mm long and 2 mm wide, with an internal volume of 15 jL, contains nine sensing elements aligned in a row and spaced 2 mm apart. These elements (a reference electrode, four amperometric P02 sensors, two ISFET-based PCO2 sensors, one pH-ISFET sensor, and one temperature sensor) make it possible to determine redundantly the P02, Pco2, and pH of the sample. Except for the pH sensor, which is not covered, the sensor cells are covered with a 1 x 1 mm hydrogel layer, which is centered on top of the solid-state transducing (Fig. 2,right) has a layout similar to that of the Pco2 sensor, but with an opening (0.5 x 0.5 mm) in the gas-permeable membrane that is used as the liquid junction. As the pH transducing element, an uncovered pH-ISFET is used (see pH sensor in Fig. 1 ).
Chip Fabrication
Fabrication of the sensor devices is performed entirely on the wafer level, thus avoiding costly manual operation on the individual chip. This is particularly important for mass production. Six main fabrication steps are necessary:
(a) The ISFETs are processed by standard integrated circuit technology.
(b) Pt is first deposited by evaporation and then structured by using the lift-off method; the Pt is subsequently covered with a passivation layer (Si3N4), which is opened in the active zones of has an inlet and outlet opening at the left and right end of the channel (Fig. 4) . The chip and the glass plate are aligned and fixed together in a polycarbonate holder (not shown in Fig. 4 
5, top), measured in 100 mmolIL KC1 solution (equilibrated with 021N2 gas mixtures)
showed high linearity up to 600 mmHg of P02 (r = 0.9998). The extrapolated mV/decade, however, was fairly low. We observed that the sensitivity depends on the humidity in the hydrogel. Nevertheless, as long as the sensor is exposed to liquid samples, and not to gaseous samples, the humidity and The calibration curve for the pH sensor (Fig. 5, bottom) , measured in phosphate buffer solutions at pH 6 No cross-sensitivity between the three sensors was observed, except for the CO2 effect on the reduction current of the P02 sensor. This effect was studied with two sample solutions, each with exactly the same P02 value but with a different Pco2. The signal of the P02 sensor was influenced only at the beginning of a Pco2 step change, and then fell back to the steady-state value, which was independent of the Pco2. The dynamic deflection (-30 s) of the current was in the order of 4% for a step change in Pco2 between 15 and 91 mmllg. Thus, the CO2 effect was fairly low. Perhaps the short transient deflection of the current is explained by a small shift in the pH of the hydrogel layer. The first generation of the sensor device described here was tested with blood intended for transfusion (6) . The three levels of the control solution are indicated. Between samples, the flow-through channel Is rinsed with an sir-saturated phosphatebuffer, pH 7. nor was there any degradation of sensor performance with continued blood contact. The device described here will be tested with whole blood in subsequent studies.
